To measure creatinine, electrochemical techniques have been coupled with a range of biological recognition elements in a variety of sensor configurations. (To listen to a podcast about this feature, please go to the Analytical Chemistry website at pubs.acs.org/ac.
The measurement of creatinine levels in human blood or urine is clinically essential because the levels partially reflect the state of renal and muscle function. Creatinine is naturally produced by the body and is filtered from the bloodstream by the kidneys in relatively constant amounts every day. The normal physiological concentration is 40-150 µM, but it can exceed 1000 µM in certain pathological conditions. Blood levels >150 µM indicate the need to perform tests such as creatinine clearance. Values >500 µM indicate severe renal impairment, ultimately leading to dialysis or transplantation; 1 levels <40 µM indicate decreased muscle mass.
The methods most often used for the clinical determination of creatinine are based on colorimetry. 2 However, the methods are affected by numerous metabolites and drugs found in biological samples, such as glucose, fructose, ketone bodies, ascorbic acid, and cephalosporins. 3, 4 Introducing enzymes has increased specificity, but the methods also became complicated and less reliable. Large and expensive benchtop analyzers incorporating a number of electrochemical electrodes have been used in central clinical laboratories. Portable and handheld devices incorporating a single-use creatinine biosensor cartridge also have been used.
The goal of biosensor engineering in the clinical laboratory setting is to reduce cost, time, and complexity of routine analysis of biological fluids; to enable near-patient testing of blood, urine, and saliva in medical centers; and ultimately to enable home testing by individuals. 5 This article looks at the developments in electrochemical creatinine biosensor research in terms of sensor design and analytical performance on the basis of the recognition element and the nature of transducer. Parameters and specific performance characteristics to consider include cost (<$10/ sensing strip), response time (<1.5 minutes [min]), detection limit (e10 µM), linear range (10-1000 µM), and lifetime (>1 year).
BIOSENSOR DESIGN STRATEGIES
Biosensors combine a biological recognition element that responds to the substance being measured with a transducer whose function is to convert an observed change into a measurable signal. 6 The biological element can be either a biocatalyst (enzymes, microorganisms, tissue material) or a bioligand (antibody, nucleic acids, lipid layers). Typically, the biorecognition element can be attached directly to the transducer or retained within a carrier material, which is subsequently deposited at the transducer surface. The choice of immobilization process is important because the active sites of the biorecognition element should not be compromised. In addition, the immobilization process also affects the lifetime of the biosensor in terms of storage and operational stability.
Physical adsorption techniques are the simplest approach and require the least amount of preparation. However, the bonding between the biorecognition element and the transducer is weak, and therefore these sensors are suitable for single-use, nonrepeatable measurements. Physical adsorption may be accompanied by encapsulation, in which the sensor is covered by an analyte-permeable membrane to maintain close contact of the biorecognition material against the transducer and to prevent leaching into the sample solution.
Alternatively, chemical adsorption (or covalent bonding) can be used to directly attach the biorecognition element to a chemically activated support. However, not all transducers have suitable coupling functionality, and often the transducer surface must be modified with free NH 2 , SH, or COOH groups that can be deposited as a thin layer. In addition, bifunctional agents can induce intermolecular crosslinking of the biomaterial to solid supports. One of the most popular immobilization methods is entrapment, whereby the biomaterial, such as an enzyme, is retained in a polymerized gel or trapped within growing polymers. If orientation of the reagent is not important, entrapment is preferred because the biomaterial is not actually attached firmly to any specific substrate and therefore does not suffer from loss of activity as a result of the entrapment process. It is important that the pores of the matrix be large enough to allow diffusion of the analyte and product but small enough to retain the biorecognition element.
Although many combinations of different types of biorecognition elements and transducers are possible, very often the biorecognition element is an enzyme or a multiple enzyme system coupled with an electrochemical counterpart. Electrochemical strategies are the most versatile and simple and can offer fast detection. Furthermore, the equipment required for electrochemical analyses is simple, inexpensive, and suitable for miniaturization.
POTENTIOMETRIC BIOSENSORS
The ammonia-sensing electrode developed by Meyerhoff and Rechnitz was one of the first potentiometric biosensors for creatinine detection. 7 Potentiometric devices are based predominantly on the hydrolysis of creatinine by creatinine iminohydrolase (CIH), which generates ammonia that can be detected by any pH, ammonia gas, or ammonium ion-selective electrode (ISE). Using one enzyme is relatively simple and avoids interference from creatine. The disadvantages are interference from endogenous ammonia, low detection limits in biofluids, and poor stability of the enzyme.
Potentiometric techniques involve a nonfaradaic electrode process and measurement of the potential difference between a working electrode and a reference electrode. The potential is proportional to the logarithm of the analyte concentration in the sample and is measured relative to an inert reference electrode. Most potentiometric sensors use a gas-selective or a pH-sensitive electrode covered with an immobilized CIH or creatinine deiminase (CD) membrane that catalyzes the biochemical reaction. The level of reaction product can then be monitored. The electrodes have been adapted to varying biosensor designs, including macroelectrodes, wire type, and thick and thin films, which have been used to measure ammonia, urea, and oxygen. [8] [9] [10] [11] If the potentiometric sensor is based on a field-effect transistor (FET) chip, then it can be specifically configured to be an ion-selective FET (ISFET). A biosensor of this type is from the metal-oxide-semiconductor FET family, in which the usual metal-gate electrode is replaced by a suitably sensitive membrane and a reference electrode. If a thin layer of enzyme is immobilized on the ion-selective membrane of an ISFET, the result is an enzyme-sensitive FET (EnFET). EnFETs usually are based on pHsensitive ISFETs but also can be based on an ammonium-gassensitive FET. The design of the underlying electrode surface and the enzyme immobilization method used are important in defining the sensitivity, operational and storage stability, and the potential to prevent interference.
ENZYME IMMOBILIZATION FOR POTENTIOMETRIC BIOSENSORS
Magalhães and Machado compared three techniques for immobilizing CIH onto a chitosan membrane coupled to an ammonium ISE. 12 They found that direct adsorption of the enzyme solution onto the chitosan membrane was much more responsive than either reticulated or activated glutaraldehyde (GA) preparations. In the activated GA procedure, the enzyme/GA solution was left on the membrane overnight to allow the formation of a cross-linked network. 13 This membrane showed a large decrease in sensitivity, a long response time, memory effects, and high values of the lower limit of linear response. It seems that crosslinking or activation of the chitosan membranes with GA diminishes the permeability of the membranes toward ammonium ion; in addition, exposure via the activated procedure considerably decreased enzyme activity. Direct adsorption of the enzyme solution onto the chitosan membrane and reticulated GA techniques gave a linear response in the range of 10 -4 -10 -2 M, 30-60 second (s) response time, and an operational lifetime of 44 days.
Soldatkin et al. used GA vapor in the presence of BSA to immobilize CD onto the gate of an ISFET. 14 The presence of BSA limits the direct exposure of GA to the enzyme, and unlike in the activated procedure described earlier, the resulting membrane is highly permeable to ammonium ion. The immobilization mixtures contained certain alcohol additives to increase the stability of the biosensor, which was reported to have a dynamic linear range of 0-5 mM, a minimum detection limit of 10 µM, excellent storage stability (6 months at 4°C), and good selectivity.
To conduct potentiometric measurements in a flow injection analysis (FIA) system, Radomska et al. covalently bound the enzyme molecules directly onto a polymeric ammonium ion-sensitive membrane made of carboxylated PVC matrix. 15 Carbodiimide activates the surface carboxylic groups to allow formation of imide bonds between these groups and nonessential amine groups of the enzyme molecules. As a result of the extremely thin and strongly bound enzyme-to-polymer layer, the sensor exhibited long storage stability (∼6 months at 4°C) without any loss of sensitivity and maintained good operational stabilitysthe sensor retained 70% of its initial sensitivity after 72 days of use. The sensor's analytical range was reported as 0.02-20.0 mM, but under optimum conditions, detection limits reached as low as 0.015 mM. This system was susceptible to serious interference from NH 4 + , K + , and Na + ; subsequently, however, the researchers improved selectivity when a cation exchange column was incorporated. 16 Entrapment of CIH has been achieved within a composite film consisting of a polyion complex and pH-sensitive, inactive polypyrrole prepared by electropolymerization. 17 The microsensor measures pH changes that accompany the enzyme-catalyzed reaction. The sensitivity of the modified electrode was relatively high and could be controlled with different polyions in the polyion complex. A combination of polyions, poly-L-lysine, and sebacic acid gave the most sensitive electrode, with a low detection limit of 1 µM. By knowing the length of the side chain, the charge distribution, and how the degree of dissociation of the ionic species changes the sensitivity and detection limit of the electrode, Osaka et al. were later able to investigate various other polyions for polyion complexes. 18 Sant et al. presented a similar construction in which polyvinyl alcohol (PVA) was the only constituent of the entrapment layer for CD. 19 This layer was dip-coated, spin-coated, or deposited onto the pH-sensitive gate by photolithography. Polyvinyl propylene (PVP) was used to adhere CD to the surface. Dip-coating gave a thick, nonreproducible layer of immobilized enzyme that created diffusion barriers, thereby affecting the response and sensitivity. Even though PVP was applied to help the immobilized enzyme layer adhere to the electrode surface, it would usually tear away after several hours of use. Spin-coating and photolithography were used to optimize the sensor, which measured creatinine in the range of 10-1000 µM with good sensitivity. However, improvements are needed in reusability, lifetime, and reliability.
The immobilized layer has shown better stability when CD is immobilized by photopolymerization in PVA containing styrylpyridinium (SBq). CD has been entrapped in a PVA/SBq membrane and used at the pH-sensitive surface of ISFET transducers. The mixture of enzyme/PVA/SBq was added dropwise to the surface and then exposed to UV radiation to initiate cross-linking, which resulted in entrapment. [20] [21] [22] Soldatkin et al. used this methodology to develop a sensor with a detection limit of 20 µM and a dynamic range of up to 1000 µM. 20 When stored under dry conditions, the sensor remained stable for at least 6 months with good operational stability and very good reproducibility. However, the sensor's sensitivity was affected by NaCl.
Pandey and Mishra used another novel route to create a sensor based on enzyme catalysis (Figures 1a and 1b ). This sensor was developed with a bienzymatic reactor and a potentiometric urea biosensor. 9 The reactor entrapped creatinine amidohydrolase (CA) and creatine amidinohydrolase (CI) between two layers of organically modified sol-gel glass (ORMOSIL). This layer then assembled over adsorbed urease on a polymer-modified pH electrode (p-toluenesulfonate-doped polyaniline). Again, a modified pH electrode detected ammonium. CA and CI were quite stable within the ORMOSIL sandwich and retained 100% of their enymatic activity for 1 month. However, the lowest detection limit for creatinine was on the order of 100 µM; urea could be detected down to 5 µM. No further data on the permeability of ORMOSIL were given that justified its poor analytical range. Premanode and Toumazou went on to use the same enzyme sequence on a FET-based transducer, which gave a linear relationship for urea and creatinine in the ranges of 0-200 mM and 0-20 mM, respectively. 23 Specifics for the immobilization of the enzymes were not given. Table 1 lists the characteristics of various potentiometric creatinine biosensors.
AMPEROMETRIC CREATININE BIOSENSORS
The majority of amperometric biosensors rely on the three-enzyme method first described by Tsuchida and Yoda. 24 The enzymecatalyzed reaction of creatinine is shown in Figures 1a and 1c ; the last step of the sequence involves the flavin-containing enzyme sarcosine oxidase (SOx), which reacts as follows: FAD + and FADH 2 are the oxidized and reduced forms of flavin adenine dinucleotide, respectively. Oxidation and reduction of the FAD moiety can be achieved by using O 2 (first-generation biosensor) or an artificial redox species (second-and thirdgeneration biosensors). The most popular approach based on the above scheme is to monitor the generation of H 2 O 2 . The mode of operation involves regeneration of O 2 from the electrochemical oxidation of H 2 O 2 , which thus completes the enzyme cycle (Equation 3). The major problem with these biosensors is their dependency on the concentration of dissolved oxygen.
Alternatively, an electron mediator (Med) could be used in place of O 2 to regenerate the enzyme SOx (FAD + ). [25] [26] [27] The Med shuttles electrons from the redox center of the enzyme to the surface of the sensing electrode (second-generation), as shown in Equations 1, 4, and 5. A Med, such as ferrocene monocarboxylic acid, is sufficiently soluble in both the oxidized and reduced forms and can rapidly diffuse between the buried active site of the enzyme and the electrode surface. However, this solubility should not be so great as to cause significant loss of Med from the biosensor's microenvironment to the bulk of the solution.
Third-generation biosensors have the mediator integrated with the enzyme and the electrode to ensure direct electron transfer. Mediators for this generation include conducting polymers, such as pyrrole, and conducting organic salts, such as the tetrathiafulvalene-tetracyanoquinodimethane couple. Direct electron transfer has been realized with the use of carbon nanotubes or gold nanoparticles for other flavin-containing proteins. In contrast to second-generation biosensors, thirdgeneration biosensors require the immobilization of the whole sensing chemistry on the electrode surface; because this is a complex task, very few creatinine determinations with these sensors have been reported.
Meds are used with low working potentials (e+0.4 V vs Ag/ AgCl) to avoid serious interferences from readily oxidizable metabolites such as ascorbic acid, uric acid, and acetaminophen; this occurs when using a relatively higher working potential for H 2 O 2 oxidation (∼+0.7 V vs Ag/AgCl). To counteract interference from endogenous creatine at the second step of the catalytic cycle, researchers have used the dual-sensor approach, which measures and subtracts the response for creatine from creatinine. [28] [29] [30] [31] [32] [33] Amperometry usually requires a system consisting of a reference, a counter (auxiliary), and working electrodes. The most common reference electrodes are the Ag/AgCl or the saturated Hg 2 Cl 2 ; the counter electrode is usually an inert metal such as platinum or stainless steel. The fundamental process in electrochemical reactions is the transfer of electrons between the working electrode surface (area of interest) and the species at the interfacial area (in solution or those immobilized at the electrode surface). The surface topography and the nature of the functional groups on the surface significantly affect the kinetics of the reaction.
Working-electrode materials for creatinine biosensors include platinum as a bare electrode or as a disk, platinized gold, platinized shapable electroconductive (SEC) films, and carbon-paste electrodes alone or mixed with platinum powder. 18, 21, 28, 29, 31, [33] [34] [35] [36] [37] [38] It is obvious that platinum has provided a highly catalytic surface where H 2 O 2 oxidation can proceed at an accelerated rate. Although composite materials are a cheaper alternative, they do not reach the operational standards that precious metal surfaces are capable of. Thus, the preferred electrode material is platinum because of its stability in aqueous solutions, high catalytic activity, and good conductivity. Platinum, silver, carbon, and Ag/AgCl ink also can be used in screen-printing methods to create thick-and thin-film sensors for the fabrication of miniaturized, planar, solid-state electrodes. 39
ENZYME IMMOBILIZATION FOR AMPEROMETRIC BIOSENSORS
Direct deposition of a thin layer of the multienzyme solution (in the presence of PEG) beside a platinum-carbon composite electrode for use as a single-measurement biosensor has been reported. 35 The immobilization procedure was simple; the electrode was ready within 2 hours, and it had an analytical range of 0.2-2 mM. Chemical adsorption is a much more robust immobilization procedure than basic physical adsorption. 40 The amperometric sensor consists of a platinum working electrode covered with a thin layer of the immobilized multienzyme. The enzymes are covalently linked via a carbodiimine agent onto a novel, modified porous polypropylene substrate. The enzyme ratios are optimized to respond in the minimum time with the maximum current. The biosensor has a linear range of 3.2-320 µM with very low detection limits. The immobilized enzyme had an operational stability of at least 3 weeks with a 25% decrease in response current (to a creatinine concentration fixed at 300 µM) over 49 days of use. The enzyme electrode is stored at 4°C when not in use.
Khan and Wernet used GA to cross-link the three enzymes on a platinized SEC film in the presence of a gelatin layer. 34 This method of immobilization yielded a lower-end detection limit of 1-2 µM and extended the linear range to 5 mM with operational stability of up to 30 days. Interference from creatine was rejected because of the optimized enzyme ratio and the gelatin matrix. However, the creatine-rejecting properties gradually decreased because of swelling of the gelatin matrix after the first week of use and erosion after the 18th day. As a result, the linear range of the creatinine calibration graph was reduced. Walsh and Dempsey used a similar method at a platinum electrode. 41 Instead of using gelatin, researchers achieved cross-linking in the presence of BSA; they achieved a detection limit of 4.5 µM, a linear range up to 500 µM, and a response time of 60 s. Unfortunately, no data were provided on the sensor's ability to reject interferences. CIH has been cross-linked onto a polyaniline (PA)-Nafion composite electrode for the effective detection of ammonium ions. 42 After the enzymatic reaction at the electrode surface, NH 4 + travels to the PA-Nafion film and induces reduction of PA on the electrode at an applied potential of -200 mV. This setup allows for close proximity of the enzyme to the electrode, which shortens the diffusion path of the reaction products to the transducer, thus enhancing sensitivity and decreasing response time. The linear range was 0.5-500 µM with long-term stability of up to 3 months. Although the system seemed to perform well, endogenous NH 4 + has to be removed by an alkaline/heat treatment process before any analytical measurementspretreatment of the sample defeats the purpose of point-of-care analysis. Other common interferences include K + , Na + , Hg 2+ , Ca 2+ , Mg 2+ , and Al 3+ ; however, metal cations present at 0.5 mM contribute to 5% or less of the analytical signal.
Co-immobilization of enzymes within a stabilizing (carbamoyl)sulfonate-hydrogel matrix brought about entrapment. 28 A stable network was established between isocyanate coupling groups and polyole groups present on the polymers. The residual isocyanate groups reacting with the amino groups of the enzyme and also with the polymers may account for the matrix's good operational stability. Storage stability at 8°C was 6 months without loss of activity. The sensor gave a lower detection limit of 0.3 µM. The overall sensor response had a linear range of 1-150 µM. Tombach et al. used a similar immobilization method, but a Nafion membrane was applied over the sensor to reject interferences. 43 Berberich et al. reported a method of chemically modifying the enzymes by using PEG in the presence of succinimidyl and then trapping the enzymes in polyurethane (PUR) gel. 32, 44, 45 When the enzyme layer was used at the electrode, the enzymes were denatured within a day. However, the three-enzyme polymer retained 50% of its activity after 11 days; when a cellulose acetate membrane was used to cover the electrode, the enzymes were stable for 80 days. Apparently, leaching of silver ions from the electrode deactivated the enzymes, but use of the cellulose acetate cover decreased the leaching.
Madaras et al. compared three enzyme immobilization techniquessentrapment in a matrix of poly-2-hydroxyethylmethacrylate, entrapment in PUR hydrogel, and cross-linking with GA in the presence of BSA with each enzyme layer sandwiched between two membranes. 29, 30 They found that cross-linking with GA in the presence of BSA had better performance than either of the entrapment methods. The highest linear range obtained was up to 500 µM (GA-BSA), and the lowest linear range obtained was up to 250 µM (PUR). The GA-BSA system also had the quickest response time (80 s compared with 380 s by using PUR) and good operational stability, whereas the entrapment methods had a sudden decline in sensor response after a few days. Sensor-tosensor reproducibility for all of the systems was an issue caused by addition of the membranes.
Others have used PVA-based hydrogel networks for enzyme immobilization, but their sensor designs relied more heavily on the membranes. 31, 33 As with most of the entrapment methods described earlier, integration of a membrane is a significant part of the enzyme electrode because the membrane rejects interferences and protects the enzyme layer.
MEMBRANE TECHNOLOGIES
Although enzyme immobilization on the electrode surface is an important parameter in sensor creation, it cannot control all operational needs. Immobilization techniques have occluded some interfering substances, and the addition of selective layers on top of and/or below the enzyme layer enhances interference rejection. However, additional layers limit diffusion of the analytes to the enzyme layer and unfortunately decrease sensitivity.
The sandwich structure described earlier (by Madaras et al.) used a membrane above (outer) and below (inner) the entrapped enzyme layer. The inner cellulose acetate membrane was better at rejecting interferences and adhered better to the electrode than Nafion and other cellulose acetate mixtures. The lower limit of detection was 30 µM, which is high compared with other amperometric systems ( Table 2 ) and indicates lower sensitivity caused by limited diffusion of the analyte through the PUR outer membrane. Advantages include excellent selectivity, excellent operational and storage stability, and improved linearity. Berberich et al. used a cellulose acetate cover to prevent diffusion of silver ions from the electrode into the enzyme layer. 32 Yao et al. found that a bare platinum electrode without surface modification was inadequate at rejecting interferences, as demonstrated by the large response to electroactive species such as L-ascorbate, urate, and L-cysteine in serum. 31 The system compared a perfluorosulfonated Nafion film, a poly(1,2-diaminobenzene) film, and their hybrid film against the bare platinum electrode for the selective detection of H 2 O 2 . The hybrid-coated electrode was more effective at excluding L-ascorbate and urate. The electrostatic Nafion film is negatively charged, thereby excluding L-ascorbate and urate. Trace amounts that do travel through the permeable Nafion film can be blocked from reaching the electrode by the controlled-pore-size film of poly(1,2-diaminobenzene). In addition to limiting the interference from Lascorbate and urate, the electrode effectively excluded L-cysteine (each species is present at a concentration <2 mM). With repetitive use, the device lasted for more than a month. Nafion film was also used by Tombach et al. on their biosensor for potential use on hemodialysis patients. 43 In general, the membranes described above are used not only to protect the enzyme layer but also to reject interfering electroactive substances via size exclusion and/or electrostatic exclusion. 31 Ho Shin et al. have taken the approach to another level by using the insoluble oxidizing agent PbO 2 , which inactivates redox substances as they pass through the membrane, heading toward the metal electrode (Figure 2; Ref. 33 ). PbO 2 was held in the hydrophilic polyurethane (HPU) protective membrane. Too little PbO 2 yielded membranes that did not sufficiently eliminate interferences, and too much caused reduced adhesion. HPUs with different water uptakes were also examined. Those with low water uptake yielded sensors with lower amperometric response as a result of decreased permeability. Those with high water uptake yielded sensors with poor membrane adhesion and high internal osmotic pressure. Although they investigated other compound films, 46 they found that PbO 2 was superior at 200 mg/mL. The additional layer attached to the platinum electrode is shown in Figure 2 . They also compared the matrices HPU and cellulose acetate-PEG and found that HPU was better at rejecting interferences, whereas the other displayed better sensitivity and a faster response. Table 2 lists the characteristics of various amperometric creatinine biosensors.
ANTIBODY RECOGNITION
Antibodies, also known as immunoglobulins (Igs), are proteins that bind selectively and very strongly to the corresponding antigen at extremely low levels, 10 -9 -10 -13 M. However, antibodies do not exhibit the catalytic effect that enzymes do. Biosensors combining immunology and chip-based electrochemistry are called immunosensors. Similar to conventional immunoassays, these devices are based on the principles of solid-phase immunoassay with an antibody or antigen immobilized at the sensor surface. Immunosensors have two modessan indirect (heterogeneous) immunosensor uses a separate labeled species that is detected after binding by fluorescence or luminescence, and a direct (homogeneous) immunosensor detects binding by a change in potential or current. The homogeneous format is a more sensitive approach with fewer problems. Benkert et al. used an indirect competitive assay method to develop an electrochemical creatinine sensor. 47 The sensing electrode was made up of a platinum surface covered with a creatinine-modified electrode incorporated into an electrochemical cell. The sample, a mixture of anti-creatinine antibody and anti-IgG (mouse)-GOx conjugate, was added to the cell. The creatinine to be measured competes with the membrane-immobilized creatinine for the antigen-binding sites of the conjugated anticreatinine antibodies. Following a washing step, glucose was added, and the H 2 O 2 produced was measured amperometrically. After a regeneration step, the creatinine sensor could be used again. Regeneration using 10 mM HCl had little or no effect on the binding activity of the sensor, even after 100 regenerations. It was suggested that the membrane reduces unspecific binding of antibodies or redox-active proteins, preventing any unwanted reactions at the electrode. 47, 48 The measuring range of the sensor was 0.09-90 µM with a lower detection limit of 40 nM, the lowest detection limit for a creatinine sensor. This high sensitivity is advantageous not only for very low levels of creatinine but also for a highly diluted or limited-volume sample, for example, from newborns or blood taken by a capillary. However, one measurement cycle takes 30 min. Calibration curve data for higher concentrations were not mentioned.
The group later reported on a homogeneous immunosensor based on a size exclusion redox-labeled immunoassay that demonstrated a better analytical range of 0.09-900 µM. 4 In this procedure, creatinine from the sample and synthetic redox-labeled creatinine compete for the antigen-binding sites of the anticreatinine antibodies. Redox-labeled creatinine not adsorbed by the antibodies passes through the cellulose membrane to the glassy carbon electrode. The redox label was a quinone derivative that was electrochemically indicated at an interference-free, working potential similar to artificial Meds used with enzymes ( Figure 3 ). If the sample creatinine concentration is high, then the signal response caused by unbound redox-labeled creatinine would also be high. Washing steps were not required because the membrane excluded the bound antibody conjugate but allowed passage of the unbound conjugate. This is essentially a sensor with an integrated separation step. The sensor required no regeneration and displayed an adequate analytical range and sensitivity but consumed a large amount of expensive anticreatinine antibodies. A more cost-effective approach would be to miniaturize the device, thus limiting the amount of anticreatinine antibodies needed.
BIOMIMETIC CREATININE BIOSENSOR
Biomimetic sensors can be developed to create nonbiological synthetic receptor sites that exhibit all the natural characteristics of specificity with enhanced transduction. Although these possibilities are attractive, efforts at designing analyte-specific sites and incorporating them into a biosensor require more than a little creativity if natural biorecognition elements are to be imitated.
Molecularly imprinted polymers (MIPs) are a simple and elegant approach for implanting recognition sites that have the specificity of antibodies and enzymes in synthetic polymers for the preparation of chemosensors. [49] [50] [51] [52] Molecular imprinting involves the polymerization of functional monomers in the presence of template molecules and initiators. After polymerization, the template molecules are removed, leaving sites with induced molecular memory that are capable of recognizing the print molecules. 53 Panasyuk-Delaney et al. described a capacitive chemosensor based on the photopolymerization of the monomer acrylamidomethylpropanesulfonic acid and the cross-linker methylenediacrylamide to create an artificial receptor layer. 54 A gold electrode surface was modified with a self-assembled monolayer of alkane thiol followed by adsorption of a photoinitiator, the monomer, the cross-linker, and the template (creatinine). Treatment with UV radiation formed an ultrathin polymer layer. Removal of the template yielded an electrode surface that is sensitive to creatinine. The resulting sensor had a detection limit of 10 µM and was reversible and highly selective. This particular sensor retained its properties for at least 6 months when stored at room temperature; however, the researchers reported that their preliminary measurements with real probes indicated that further development of the sensor was required.
Chen et al. demonstrated the use of an enzyme-free electrochemical system to measure creatinine in human urine. 55 This enzymeless approach, adopted from the Jaffé reaction, uses a preanodized, screen-printed carbon electrode. The electrode and the active methylene group in creatinine form a stable and selective carbon-carbon bond in the presence of chloride ions. Creatinine was measured by square-wave voltammetry in phosphate buffer saline at pH 6.7. Although weak adsorption from uric acid and ascorbic acid was found, an exchange of the medium eliminated the problem. Creatinine detection was in the window 0.37-3.6 mM with a detection limit of 8.6 µM. Because this approach is simple and screen-printed electrodes are disposable, it offers the possibility of a cheap and enzymeless way for clinical systems to measure creatinine. Whether this system is capable of retaining its properties once it is miniaturized is not known.
CONCLUSION
Antibody-based assay strategies require the introduction of electrochemical labels; this results in greater complexity and is in direct opposition to the concept of a biosensor, which is simplicity. Antibody-recognition systems still have great potential, and researchers should not be discouraged, particularly because strategies that remove parts of the assay step and reduce complexity have been demonstrated.
Enzyme sensor developers should focus next on multiple use by applying nanotechnology for advanced immobilization techniques and incorporating artificial or biological Meds to promote the integration of electron transfer from the enzyme to the transducer. Such strategies are a means of lowering operating potentials and increasing enzyme stability, extending activity, decreasing the rate of enzyme denaturation, and eliminating interferences. In addition, Med-based biosensors can offer sensitivities several times higher than those not facilitated by a Med.
Further R&D into the optimization of materials for MIP-based sensors also seems promising. In addition, MIP-based devices reduce exposure to biohazards. The design of these devices requires a great deal of ingenuity but could lead to promising results and widespread clinical use, as well as diagnostic monitoring for at-home applications.
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